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The main constituents of the cartilage and menisci are fluid, collagen fibers (mainly type II in cartilages and type I in menisci) and proteoglycan matrix. The fluid is the most abundant component of these tissues. It takes 68-85% of the weight of cartilage and 60-70% of the menisci (Mow & Ratcliffe, 1990) . Hydrated tissues such as cartilages and menisci are viscoelastic: they exhibit stress relaxation when the strain is held constant and creep when the stress is held constant. The viscoelastic behavior is mainly due to the interstitial fluid flow and the intrinsic viscoelasticity of the collagen fibers. In general, cartilaginous tissues appear very soft to facilitate joint movement when they are not pressurized. However, under fast knee compressions, these tissues can be highly pressurized to support and redistribute loadings (Mow et al., 1980; Spilker et al., 1992) . The mechanical function of the knee joint is partially performed through mechanical contacts between several contacting pairs of cartilaginous tissues. The major contact pairs are the femoral cartilage-tibial cartilage, femoral cartilage-menisci and menisci-tibial cartilages. Understanding the contact mechanics of the individual knee tissues as well as the whole joint assembly may lead to better prevention, diagnosis and treatment of joint injury and diseases. The changes in the health state of the cartilages or menisci can alter the contact mechanics of the knee and therefore affect its normal functioning. For instance, partial meniscectomy, which is a surgical operation to remove the injured part of the meniscus, can alter the stress and pressure distributions in the cartilaginous tissues and may initiate or advance osteoarthritis.
Finite element modeling of the knee
Finite element methods have been extensively used to investigate the mechanics of the knee joint or its individual tissues. The advantages of using finite element simulations compared to the experimental studies include convenient control of load and boundary conditions, easy evaluation of stress and strain fields, time and cost efficiency and capability of parametric studies. However, each finite element study is associated with numerous simplifications in geometrical modeling, material definition, constitutive behavior, etc. In recent two decades, new finite elements have been proposed to improve modeling and eliminate some limitations. Simplified or experimental explants geometries have been widely used to validate the complex constitutive relationships of the knee tissues. Earlier joint modeling was also based on axisymmetrical or plane-strain geometries: two pieces of tissues in two dimensional geometries were often used to represent a knee joint contact (Adeeb et al., 2004; Wu et al., 1998) . More recently, anatomically accurate knee models become increasingly popular for the investigation of realistic joint contact in different loading conditions and health states. These real knee geometries are normally reconstructed from the Computer Tomography (CT) or Magnetic Resonance Imaging (MRI). The constitutive modeling used for the hydrated soft tissues may be classified into three main categories: single-phase solid models, poroelastic or biphasic models (with additional fluid phase) and fibril-reinforced models (fluid phase and fibril-reinforced solid phase). Due to time cost and convergence difficulties associated with the anatomically accurate models, simpler constitutive behaviors (commonly single-phase) have been used in these studies as compared to the cases with simplified geometries.
Constitutive modeling of the knee tissues
The finite element studies of articular cartilage and menisci have been quite comprehensive with experimental tissue testing geometries (Ateshian et al., 1994; Mow et al., 1980) . The constitutive models used in these studies have been evolved from that for singlephase materials, i.e. from that for a structural steel (Coletti et al., 1972; Hayes et al., 1972; Kempson et al., 1971) . Since only elastic properties were considered in the single-phase material, the time dependent load response resulted from the fluid flow could not be described by these early models. Linear elasticity, homogeneity and isotropy were often assumed Hayes et al., 1972) . Some single-phase models featured viscoelastic behavior using dashpots and springs (e.g. Kelvin-Voigt-Maxwell models). They had the potential to describe the time dependent responses (Coletti et al., 1972; Hayes & Mockros, 1971; Parsons & Black, 1977) . However, the fluid flow relative to the tissue matrix could not be described by such modeling. Another limitation was associated with the use of effective modulus, when a single-phase elastic model was employed. Instead of the real Young's modulus of the tissue matrix, a greater effective modulus accounting for the stiffness of the pressurized tissue had to be used, in order to match the stress measured experimentally. This effective modulus is generally pressure-dependent, resulting in uncertainties in its appropriate determination and thus uncertainties in the results . Poroelastic/biphasic models for biological tissues were proposed to capture the time dependent response of the tissues (solid + fluid phases). Poroelastic models were based on the soil consolidation theory (Biot 1941 (Biot , 1962 , while the biphasic theory was initially proposed by Mow et al. (1980) using the theory of porous media. It was believed that these two theories yield similar results if the fluid was assumed as inviscid (Simon, 1992) . In fact, it was shown that the linear poroelasticity was essentially equivalent to the linear theory of porous media, although some inconsistencies were observed in correlating the material properties (Schanz and Diebels, 2003) . The early poroelastic models were developed to www.intechopen.com investigate the mechanics of bones (Nowinski, 1971 (Nowinski, , 1972 Davis, 1970, 1972) . The biphasic models have been improved substantially from its initial linear version (Mow et al., 1980) , e.g. variable permeability (Lai et al., 1981) and large deformation have been formulated (Suh et al., 1991) . Many independent formulations were also developed (e.g. Lanir, 1987) . The biphasic models were found to be able to account for the mechanical response of articular cartilage at low strain-rates only (Brown and Singerman, 1986; Miller, 1998) . The load response of articular cartilage is highly transient. Given a compression, the stress in the tissue can be an order higher at a high compression rate than that at a low compression rate (Oloyede et al., 1992) . Fibril-reinforced models were proposed to capture this high-ratio of fast versus slow compressions. In a fibril-reinforced model, the solid phase was separated into two constituents: the fibrillar and non-fibrillar matrices. The non-fibrillar matrix defines the proteoglycan matrix, and the fibrillar matrix models the collagen network . It was found that the nonlinear fibrillar properties must be considered in order to account for the strong transient responses of articular cartilage (Li et al. 1999b) . In a finite element procedure, the fibrillar matrix could be represented by discrete spring elements (Li et al. 1999b; Soulhat et al., 1999) or continuum elements Wilson et al., 2004) . A fibril-reinforced model was used for the soft tissues in the present study.
Anatomically accurate knee modeling
Poroelastic and fibril-reinforced models have been extensively used to describe the tissue mechanical behavior for the problems with simple geometries. However, these studies have not been extended to the anatomically accurate knee models until our recent work . Single-phase material models have been commonly used in the joint finite element modeling. The geometrical data of these models were commonly obtained from CT and MRI. A typical finite element model of the tibio-femoral joint is illustrated in Fig. 1 . In many three-dimensional models, bones are considered as rigid due to their higher stiffness compared to the soft tissues (3 orders in difference). The fluid pressure in the soft tissues is normally ignored to avoid the numerical difficulties resulted from complicated mechanical contacts and time-dependent responses (Bendjaballah et al., 1995; Li et al., 1999a; Peña et al., 2005) . Articular cartilages were often simplified as single-phase, linear elastic, homogenous and isotropic materials (Haut Donahue et al., 2002; Peña et al., 2006) . Menisci were modeled as isotropic (Peña et al., 2005 (Peña et al., , 2006 (Peña et al., , 2008 , transversely isotropic (Haut Donahue et al., 2002) or fiber-reinforced linearly elastic solid (Penrose et al., 2002; Shirazi et al., 2008) . Example case studies are: knee joint under compression (Bendjaballah et al., 1995; Shirazi et al., 2008) , knee joint in combined loading (Peña et al., 2006; Shirazi & Shirazi-Adl, 2009 ), effect of meniscectomies (Peña et al., 2005 (Peña et al., , 2008 Yang et al., 2009; Zielinska & Donahue, 2006) and effect of ligament reconstruction on the knee joint biomechanics (Shirazi & Shirazi-Adl, 2009; Suggs et al., 2003) . Although fluid flow is believed to play a substantial role in the load response of the knee, little information is known about the fluid pressurization in cartilages and menisci in the real knee contact configuration. By modeling the fluid flow in the soft tissues, the time dependent response of the knee joint can be described, i.e. the creep and relaxation behaviors can be predicted. Further important information may be obtained. For instance, not only the magnitude, but also the distribution of contact pressure between the articular surfaces was found to be different when the fluid pressure was modeled . The location of the maximum contact pressure may also change with creep or relaxation, which cannot be predicted by a single-phase elastic model. Mechanical response associated with fluid pressurization in the tissues may play important roles in the scenarios previously studied, which might not have been understood because the fluid pressure was ignored. Considering the difficulties associated with in-situ measurements of fluid pressure in cartilage and menisci, a three-dimensional computational model is a good option for the determination of the fluid pressurization in these tissues. The fluid flow has been successfully modeled in a three-dimensional fiber-reinforced model of the temporomandibular joint (Perez del Palomar & Doblare, 2007) . More recently, a threedimensional anatomically accurate knee model has been proposed to capture the stress relaxation and creep behaviors of the healthy and meniscectomized knee joints . We will consider some complementary results here.
Methods
The mechanical responses were simulated for the intact knee, as well as six cases of partial meniscectomy at different sites. The finite element modeling developed in our previous studies will be briefly reviewed in this section. The meshes, material properties and loading conditions for the present study will be particularly discussed.
Geometry and finite element mesh
The joint geometry was obtained using the Magnetic Resonance Imaging (MRI) of a healthy male's right knee in full extension (Cheung et al., 2005) . The commercial finite element software ABAQUS v6.8-2 (Simulia Inc., Providence, RI, USA) was used to generate the mesh (Fig. 1) . The model consisted of the distal femur, tibia, fibula, articular cartilages, menisci and the four major ligaments (ACL, PCL, MCL and LCL). Bones were considered as rigid and triangular elements were used to mesh their surfaces (triangles normally describe a curved surface better). In total, 12,829 surface elements were used for the bones (Table 1) Table 1 . Nodes and elements for individual tissues in the finite element mesh of the knee Articular cartilages, menisci and ligaments were meshed using hexahedral elements. Porous elements with linear variation of fluid pressure and quadratic variation of displacement were chosen for the femoral cartilage (20 nodes). Porous elements with linear variation of displacement were used for the menisci and tibial cartilages (8 nodes). Solid elements with linear displacement were used for the ligaments. In total, 24,058 elements and 99,045 nodes were used to mesh the soft tissues of the healthy knee (Table 1) .
In order to model the total and partial meniscectomized knees, the elements corresponding to the resected meniscus were removed from the intact element assembly. Here, the total meniscectomy refers to the complete removal of both medial and lateral menisci. For the partial meniscectomy, two sites of resections in the avascular zone (inner peripheral meniscus) were considered. One resection was in the lateral and one in the medial meniscus. They were thus referred as to the extended lateral meniscectomy and extended medial meniscectomy, respectively. Meniscectomies in this zone are more common because lesions there have very low chance of natural healing due to absence of blood supply in the zone. The resection is often longitudinal or in the circumferential direction (Dandy, 1990; Greis et al., 2002 ). An extended meniscectomy encountered longer resection in the longitudinal direction.
Material properties
Cartilages, menisci and ligaments were modeled as fibril-reinforced materials. The fiber orientation in the femoral cartilage was assumed based on the split line patterns (Below et al., 2002) . For the menisci, the primary fibers were oriented circumferentially (Aspden et al., 1985) . The fibers in the tibial cartilage were oriented randomly due to lack of information about the primary fiber direction in this tissue. In the case of ligaments, the fibers were aligned in the longitudinal direction. The initial strains in ligaments were ignored since only small deformation was considered in the current study. The reported initial strains of the ligaments are normally beyond the small deformation range (Grood & Hefzy, 1982) . The non-fibrillar matrix of the soft tissues was considered as linearly elastic and isotropic. The viscoelasticity of collagen fibers was formulated previously ) but omitted here in favor of brevity. In short, the following relation was used for the fibrillar stiffness in the primary fiber direction, x:
where x  is the tensile strain, and 0 x E and x E  are elastic constants in x direction. The same equations, but with different values for coefficients, were used for the y and z directions. The compressive stiffness of the fibrillar matrix was ignored. The fibrillar properties of different tissues were determined from previous fibril-reinforced modeling and experimental data from the literature (Hirokawa & Tsuruno, 2000; Shirazi et al., 2008; Woo et al., 1976) . The numerical values of material properties are listed in Table 2 . More details and references about the material properties can be found in our recent papers .
Contact interactions
Cartilaginous tissues in the knee are in multiple mechanical contacts between the mating surfaces. These contacts require particular attention for a successful simulation. For each contact pair, one surface is selected as the master surface and the other one as the slave surface. A master surface may penetrate the mating slave surface, but the other way is not permissible. The surface discretization can be node-to-surface or surface-to-surface. The contact constraint can be enforced with different methods. The efficiency of a contact enforcement method is usually determined by the type of surface discretization. In the present study with the existence of fluid pressure in three-dimensional geometries, surfaceto-surface discretization was selected and the linear penalty method was found to be the most efficient approach for the contact enforcement. For the intact and partially meniscectomized knees, six contact pairs were defined (three on the medial and three on the lateral side): femoral cartilage-tibial cartilage, femoral cartilagemenisci and menisci-tibial cartilage. Obviously, for the total meniscectomy, only contacts between the femoral and tibial cartilages remained (2 pairs). Frictional contact with a coefficient of 0.02 (Mow et al., 1993) was considered for all the contacts. The ends of the ligaments and menisci were TIED (fixed) to the bones at the insertion sites. This is obviously in agreement with the actual attachment of the ligaments to the bones. The ends of meniscus are actually fixed to the tibia through meniscus horns. The horns were not particularly modeled in the present study.
Loads, boundary conditions and solution methods
A stress relaxation protocol was used for the study of the intact, partial and total meniscectomized knees. For the purpose of comparison, the loading and boundary conditions were chosen to be as close as possible to that of similar experimental studies. In all cases, a ramp knee compression of 0.3 mm was applied in one second and remained constant thereafter. The displacement was applied to the femur in proximal-distal direction.
Femur was free in all translations but fixed in all rotations. In all cases, the knee joint was assumed in full extension and the tibia and fibula were constrained in all directions. A complete description of the solution methods is beyond the scope of this chapter. The overall procedure is presented here briefly. More details can be found in our recent papers and the ABAQUS manuals. The implicit finite element method with transient Soil Consolidation option available from ABAQUS/Standard was used for the current study. The Newton method was chosen to solve the nonlinear equations. In each iteration of a typical time increment, the convergence of force and volumetric flux was checked at first. In an iteration with converged force and volumetric flux, the convergence of displacement and fluid pressure was assessed. If the convergence of force, volumetric flux, displacement and fluid pressure was satisfied, the final convergence was accepted when the largest increment in fluid pressure was less than a given value (5 kPa in all cases presented here).
The computer simulations were done on the high performance computers at the University of Calgary (Westgrid) and on our Dell workstations (4 CPUs with 16 GB RAMs). It took a week or two to complete one simulation.
Results
Most of the results were plotted for the times 1 and 2000 seconds. The knee compression reached its maximum of 0.3 mm at 1 second followed by relaxation. At 2000 second, the fluid pressure was greatly reduced for the relaxation loading protocol considered (this time may not be long enough for substantial pressure reduction in other cases). Fig. 2a or 2b , was more pressurized than the medial one. The high-pressure region moved toward the anterior side with relaxation (Fig. 2b) . The tibial www.intechopen.com
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cartilage, on the other hand, was more pressurized on the medial side (Fig. 3) . The shortterm contact pressure on the articular surface of the tibial cartilage, which could be in contact with the femoral cartilage and menisci, was consistent with the fluid pressure (Figs.  4a vs 3a) . A bigger difference in pattern between the fluid and contact pressures was observed at 2000 second (Figs. 4b vs 3b) , because the fluid pressure was less significant at later times. The fluid pressure contour for the deep layer of the femoral cartilage (Fig. 5) shows a more regular pattern than that for the menisci (Fig. 2) , possibly indicating better results. This was probably because the mesh for the femoral cartilage was more refined, and the mesh for the menisci was mostly irregular due to the wedge shape of the menisci. The contact pressure on the articular surface of the femoral cartilage (Fig. 6 ) had some similarities with the fluid pressure (Fig. 5) , but the differences in distribution are clearly seen. One can also see that the contact pressure in the knee was mainly contributed by the fluid pressurization, because it was decreased substantially with relaxation ( Fig. 6b vs 6a) . Fig. 6 . Contact pressure on the articular surface of the femoral cartilage for the intact knee. The medial condyle is on the right (inferior view). The colors do not show the contact areas exactly, because each color stands for a range of contact pressure. In particular, the color grey does not mean precisely zero pressure there.
It should be noted that all results presented here were obtained using the small deformation assumption. The compression of 0.3 mm was not a physiological loading. The maximum pressures shown in Fig. 6 is merely 10% of possible maximum pressure. The high-pressure regions may be altered if large compression is applied. PARTIAL MENISCECTOMY − The contact mechanics of the knee was also investigated previously for six cases of partial meniscectomies. In that study (to be published), creep loading protocols were considered. We consider the relaxation loading here for two cases only, the extended lateral and medial meniscectomies. The effect of partial meniscal resections on joint mechanics was more significant in these two cases (Figs. 7-10 ). The fluid pressures in the menisci for the two cases of partial meniscectomies were preliminary (Fig. 7) . No substantial differences were observed for the two cases (although some small differences are shown in Fig. 7 , as comparing Figs. 7a with 7c and 7b with 7d). It was not clear whether this was due to the inaccuracy of the mesh for the menisci or due to small compression applied to the knee. For the same two cases, however, significantly different fluid pressures were observed in the tibial cartilages (Fig. 8) . The higher fluid pressure occurred at the side where the meniscus was partially removed. Furthermore, the maximum fluid pressure was much greater in the case of extended medial meniscectomy (Fig. 8c,d ) than that in extended lateral meniscectomy (Fig. 8a,b) . This was the case because the higher pressure should have occurred on the medial side even for the intact knee. Now, the meniscectomy on this side made it worse with higher pressurization (Fig. 8, lower figures compared to the upper figures respectively). The contact pressures on the articular surfaces are shown in Fig. 9 for the tibial cartilages and Fig. 10 for the femoral cartilage, both for the case of extended lateral meniscectomy. Again, the contact pressures were very low at later stage of relaxation (Figs. 9b and 10b) . It was not clear why the maximum contact pressures on the surface (Fig. 9a) were not greater than the maximum fluid pressure within the tissue shown in Fig. 8a . However, it was most likely due to the coarse mesh for the tibial cartilages. There was only one layer of elements for the tibial cartilages, comparing to four layers of elements for the femoral cartilage. Figs. 11 and 12 , respectively, for the case of total meniscectomy, i.e. when both menisci were removed. The contours here look more in regular shape, possibly because the poorly-shaped meniscal elements were removed. The dissipation of fluid pressure was substantially slowed down by total meniscectomy (Figs. 11 and 12 ). The peak fluid pressure was the maximum at 1 second. The maximum fluid pressure was still at 32% and 11% of the peak value, respectively, even at 2000 and 10000 seconds (Fig. 11) . The medial condyle was more pressurized than the lateral one at 1 second, but the loading was more balanced between the two condyles at 2000 seconds (Fig. 12) . Comparing to the intact knee, a greater fluid pressure gradient was produced by meniscal removal and it was significant for at least 100 seconds (Fig. 11a,b) . Note this was the case of relaxation loading: the maximum compression was constant after 1 second. It was possible that part of the 0.3mm-compression was absorbed by the menisci for the case of the intact knee. The greater pressure gradient was more likely produced by stress concentration.
Discussions
The fluid pressures in the cartilaginous tissues and contact pressures between the articulating surfaces were obtained for the normal, partial and total meniscectomized human knees. The constitutive law for the soft tissues was previously developed and numerically incorporated in the commercial finite element software ABAQUS (Li et al., 1999b ). The present results complemented our recent studies, when we simulated 0.1-mm compressive relaxation for the intact knee and 300-N creep loading for the total meniscectomized knee . There were indications that some of our previous results were compatible with limited experimental data available from the literature. Here, we were not able to validate the computational results with more experimental data. However, we saw that the fluid pressure in Fig. 3a was compatible with the contact pressure in Fig. 4a : they had similar distributions but the contact pressure, which was contributed from both the fluid pressure and the tissue matrix, was greater than the www.intechopen.com 
Significance of fluid pressurization in contact mechanics
In agreement with previous studies, the contact pressure between two articulating surfaces in the knee was predominantly contributed from the fluid pressurization in the cartilaginous tissues, and thus highly time-dependent when joint loadings were applied quickly. The high-pressure regions in the tissues also moved with time (Figs. 2-6 , a vs b respectively). These results have not been available from the literature, when the knee joint is modeled as elastic solid (while the fluid phase is not considered). The fluid pressurization was even more significant in meniscectomized knees. Note that the pressure was also dependent on the types of loadings that were applied on the knee. The fluid pressure lasted much longer with creep loading, as observed in the experiments with tissue explants and also found in our previous knee modeling . According to published fibril-reinforced modeling of articular cartilage in vitro, the strong fluid pressurization was produced by the nonlinear collagen fiber-reinforcement in the tissues . The collagen fiber orientation and fibrillar properties were particularly considered in the present modeling, which was an important feature of the simulations presented here. These pressure results for the cartilaginous tissues in situ may provide additional information on the injury and pathomechanics of the knee joint. For example, collagen degeneration is believed to trigger osteoarthritis. We may use similar modeling to investigate the alteration of the fluid pressure in the knee initiated by collagen generation at a particular site in order to understand the progression of osteoarthritis.
Effect of meniscectomy on contact mechanics
Meniscectomy caused the pressure increase in the joint (Figs. 12 vs 5), and also slowed down the fluid pressure dissipation during relaxation: the maximum fluid pressure at 2000 second was reduced to 9.3% of the peak value at 1 second for the intact knee (Figs. 5b vs 5a ), but to 33.6% for the case of total meniscectomy (Figs. 12b vs 12a ). This result may explain the clinical observation that meniscectomy caused stiffness in the knees. However, the alteration in pressure was very minor in the cases of partial meniscectomies, as compared to the total meniscectomy (Figs. 3a, 8a & 11a) . This was because the relaxation loading was considered. The effect of partial meniscectomy was more significant in creep than in relaxation as we found in another study using the same computer modeling. A partial meniscectomy may change the load balance in the knee joint. For the intact knee, the medial side was more pressurized than the lateral side before relaxation (Figs. 3a, 4a, 5a & 6a) . A meniscectomy increased the fluid pressure from the normal level. Therefore, the fluid pressure became much higher in the medial side than the lateral side after medial meniscectomy (Fig 8c) . The total meniscectomy was studied previously for the case of creep loading . In that case, the peak fluid pressure in the femoral cartilage at 1 second was at the same level as it here. However, the maximum fluid pressure at 2000 second was only reduced by 20% from the peak pressure in the case of creep, as compared 66% for the present case of relaxation (Fig. 12) . Therefore, the clinical implication of total meniscectomy was more significant than the present results have shown, because creep is closer to the physiological loadings than relaxation.
Numerical convergence, limitations and challenges
In spite of careful control of the solution procedure within the commercial software, there were indeed indications of possible numerical problems. For example, the maximum contact pressure was not greater than the maximum fluid pressure in the femoral cartilage (Figs. 5a  vs 6a ). This might have been caused by the errors in mesh, especially the coarse meshes for the menisci and tibial cartilages. However, it was also possible that the maximum fluid pressure in the deep layer of the femoral cartilage (Fig. 5a ) was supposed to be greater than the maximum contact pressure on the articular surface (Fig. 6a) . We did not plot the fluid pressure in the surface layer, because the results there did not precisely agree with the actual contact boundary due to the incapability of applying accurate zero pressure boundary condition around the contact area. This was because the closest boundary applied was determined by the corner nodes of the elements that were closest to the actual contact boundary. These closest nodes did not precisely describe the actual contact boundary due to the coarse mesh used in the simulations. The numerical accuracy of such results can be improved and confirmed later with better meshes when more powerful computers are used. The fluid pressures shown for the deep layers should have negligible influence from the inaccurate fluid pressure boundary conditions. The main limitations of the present study were the small deformation assumption and the use of non-physiological loadings. The small compression used might not have been sufficient to minimize the influences of the geometrical errors that were introduced by meshing or by the reconstruction of the knee model from MRI data. The simulations were time-consuming even for these simple cases, because of the multiple mechanical contacts involved in the time-dependent problem. We chose these simple cases to start with the research, and will validate these results later with a formulation of large deformation.
Other issues existed such as the poor element aspect ratios and some distorted elements used in the simulations, in order to limit the number of nodes and speed up the solutions. The cartilaginous tissues are very thin (articular cartilage 1-5mm), especially at the inner edge of meniscus (where the thickness is close to zero). Therefore, the 3D finite elements must be very thin and several times wider in other two directions. The issue with aspect ratio can be solved in the future using more computer power, e.g. using computers with dozens of CPUs. However, the issue with distort elements can only be improved. Some distorted elements are unavoidable in order to match the geometry of the tissue, such as the inner edge of the meniscus. Special finite elements could be developed to address this tissue. It would be challenging to simulate physiological loadings in walking. The computer power never seems to be sufficient. Currently, using a new 6-core computer with 24 GB RAMs, it takes hours to a full day (depending on the meshes used) to run the first second simulation in the loading phase (up to hundreds of times faster in later relaxation and creep phase). Numerical difficulties would also be expected when the contact in the knee is dynamic. Accurate surface reconstruction is essential for correct modeling of the mechanical contact in the knee joint. For this purpose, we have obtained new MRIs using the 3-Tesla facility at the University MR research centre. Images in both sagittal and coronal planes were obtained for the same knee and will be used to construct precise surfaces and tissue boundaries. We will also determine and minimize the geometrical errors introduced by finite element meshes. We should be able to obtain new results soon. It is always important to validate the computational results with experimental data. We plan to test the modeling in a few different settings, such as measuring the tissue deformation with MRI under static compression and cadaveric knee mechanical tests. This is beyond the scope of this chapter.
Summary and conclusions
The computer simulations on the mechanical response of human knee joint have been mostly based on the single-phase elastic modeling of the soft tissues. The fluid pressure in the tissues in situ has not been available from the literature until our recent publications , although the fluid pressurization is believed to play an important role in the mechanical functioning of the joints, and has been studied both theoretically and experimentally for decades at the tissue level. Our recent studies extended the previous fibril-reinforced modeling at the tissue level to the joint level. Compared to most existing knee models from the literature, two major features were added in the present modeling: the fluid flow/pressurization in articular cartilages and menisci, and realistic sitespecific fiber orientations in the femoral cartilage and menisci. The tissue model was previously validated against experimental data under several loading conditions. The constitutive law was numerically incorporated in the commercial software ABAQUS using the option of user-defined material. The meshes for the femoral cartilage were more refined and the fiber orientations there were incorporated using measured splitline pattern from the literature (Below at al., 2002) . Coarse meshes (one layer only) were used for the tibial cartilages because our previous focus was on the femoral cartilage. The meshes for the menisci were difficult to be refined because of the wedge shape. Converged solutions were obtained that satisfied desired criteria. However, the pressures in the deep layer of the femoral cartilage might be more reliable than other results. The present study has shown the importance of the fluid pressurization in the mechanical functions of the normal and repaired human knees. The remainder of the normal tissues can be more pressurized with injuries or repairs in the knee. The site of the repair and the amount of tissues that were lost in injury may be important parameters for the altered mechanical functions of the knee. The present results were obtained for small knee compression which might have been compromised by small errors in surface geometries. However, the modeling can obviously be used to study site-specific cartilage degeneration and injury after large deformation is incorporated. The present study may also indicate the limitation of previous elastic modeling that did not consider the fluid pressure, which was not explored in the chapter. An independent study, however, showed that the results predicted by elastic models were compromised but could provide certain useful information if the results were interpreted correctly.
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